Computational models of lung structure and function necessarily span multiple spatial and temporal scales, i.e., dynamic molecular interactions give rise to whole organ function, and the link between these scales cannot be fully understood if only molecular or organ-level function is considered. Here, we review progress in constructing multiscale finite element models of lung structure and function that are aimed at providing a computational framework for bridging the spatial scales from molecular to whole organ. These include structural models of the intact lung, embedded models of the pulmonary airways that couple to model lung tissue, and models of the pulmonary vasculature that account for distinct structural differences at the extra-and intra-acinar levels. Biophysically based functional models for tissue deformation, pulmonary blood flow, and airway bronchoconstriction are also described. The development of these advanced multiscale models has led to a better understanding of complex physiological mechanisms that govern regional lung perfusion and emergent heterogeneity during bronchoconstriction.
I. INTRODUCTION
Conceptual and mathematical models have been used extensively in pulmonary physiology. For example, the conceptual model of the lung as a "Slinky" serves to explain the deformation of the lung tissue under gravity, and more recently to explain some of the gravitational contribution to the development of a gradient in blood flow. 1 Mathematical models have been used to encapsulate a current state of knowledge, to develop hypotheses, and to guide experiments. Models that have led to new insights have not necessarily linked structure with function, although the link is usually implied. For example, West's classic "zonal" model 2 relates pulmonary capillary perfusion to the local blood and alveolar air pressures. The blood pressures depend on hydrostatic pressure, which relates to the location of the capillary in the lung, hence implying a structural connection without explicitly including one. A further example is the estimation of gas exchange in the presence of a nonuniform distribution of ventilation (V) to perfusion (Q) ratios. 3 By assuming that the lung consists of discrete units that each have a unique V/Q ratio, the integrative effect on whole-lung gas exchange can be estimated. While these types of conceptual and quantitative modeling approaches have given important insights into the function of the lung, without an explicit link to the lung's structure and coupling to another function that occurs simultaneously and over multiple spatial scales, they are limited in their explorative or predictive ability with respect to the function of the intact in vivo organ. With the advent of modern medical imaging and the explosion in computing power, it is now possible to derive models that replicate the important geometric features of individual lungs, and to simulate function within these geometric models. [4] [5] [6] [7] [8] [9] [10] This review describes a systematic effort by our group and others to develop such models within the framework of the Physiome and Virtual Physiological Human projects. [11] [12] [13] [14] We will review some of the developments in an international collaborative effort to develop an integrative model of lung structure and function that spans multiple spatial scales, i.e., a so-called "multiscale" model. The models that will be described here consider scale-specific anatomical structure, and the emergence of behavior when force balance is integrated over multiple spatial scales.
The need for a quantitative understanding of in vivo lung function leads to the need for reliable model representation of the in vivo lung structure. The lung primarily comprises parenchymal (gas exchange) tissue, airways, arteries, and veins. The treelike structures of the airways and blood vessels are intimately bound to-and suspended within-the parenchyma (alveolar tissue). Symmetric, 15 regular asymmetric, 16 and fractal 17, 18 models of the airways and blood vessels have been used widely in modeling studies (e.g., Refs. 17-22, to name but a few). However, function in the lung is strongly influenced by the spatial positioning of the airways and vessels, and these convenient model simplifications do not provide such information. For example, ventilation distribution in the healthy lung is largely determined by peripheral tissue compliance (with a minor contribution from airway resistance in the normal adult lung), and effective tissue compliance depends on the gravitational deformation of the tissue, which varies regionally, and hence the connectivity between the airways and the tissue is essential for a model that predicts physiologically relevant ventilation distribution. A further example is illustrated in the West zonal model, 2 where the hydrostatic pressure gradient is a major determinant of the blood pressures at the capillary level, and this depends on location within the lung. Furthermore, recent studies have indicated that this is also dependent on vascular path length, which is heterogeneous and determined by the shape of the lung cavity. 4, 23 Models of pulmonary function necessarily span multiple spatial and temporal scales (multiscale models). Dynamic molecular interactions give rise to whole-organ function, and the link between these scales cannot be fully understood if only molecular or organ-level function is considered. An appropriate multiscale model will capture the important features of function at each spatial or temporal scale while maintaining as much computational simplicity as possible. Physical forces acting on the surface of the intact lung are transmitted to the level of the gas exchange tissue (where they hold open the small airways and blood vessels) and on down to the level of cells and molecules where stress modulates local function. 24 The immediate response of the pulmonary airways to antagonists (such as allergens) generally occurs at the cellular level. However, this response results in emergent behavior at the scale of the whole lung via stimulation of smooth muscle cells in the airway walls. Similarly, mechanical obstruction of pulmonary blood vessels induces cellular-level response by direct interaction between an obstructing blood clot and the endothelium, and/or via local disruptions to pulmonary blood flow altering the local artery wall shear stress and activating release of nitric oxide (a potent vasodilator). 25 These cellular-level events ultimately lead to changes in whole-lung behavior. Surfactant secretion by type II alveolar epithelial cells in response to lung tissue stretch is a further classic example of multiscale interactions that determine global lung mechanics. 24 Here, we review progress in constructing appropriate multiscale finite element models of lung function. These include structural models of the whole lung and the pulmonary airways and vasculature, as well as functional models describing tissue deformation, pulmonary blood flow, and airway bronchoconstriction. These models differ from the class of models that are derived within the framework of a single hypothesis; because the models arewhere possible-anatomically structured and their function is biophysically based, they can be transferred between different theoretical studies.
II. ANATOMICALLY STRUCTURED MODELS
Geometric model simplifications such as the reduction of the complex airway or pulmonary vascular trees to symmetric, regular asymmetric models or even lumped-parameter models have served-and will continue to serve-an extremely important role. However, heterogeneity in pulmonary structure and function is captured most accurately in anatomically structured models. This is of particular importance in studying localized disruption to pulmonary function, whether it is a response to agonist (e.g., asthma), a loss of parenchymal tissue (e.g., emphysema), or a blockage to an airway or blood vessel (e.g., pulmonary embolism).
A. The Lung
Finite element models of the lungs have been used in various applications, namely, as virtual phantoms to improve imaging protocols and image segmentation, 26 in predictive studies of tissue deformation for lung tumor tracking during radiation oncology, [27] [28] [29] for studying the effect of gravity on tissue deformation, 10, [30] [31] [32] and as a tethering tissue in which model airways and vessels are embedded. 5, 33 Creating an anatomically structured finite element model of the lungs and/or lobes is typically achieved in one of two ways: (i) using commercially available software to convert volumetric imaging into a triangulated mesh of the organ surface, and then filling the volume that is bounded by the surface with a (usually tetrahedral) volume mesh. or (ii) warping a generic structured model to fit the surface shape of volumetric imaging ("geometry fitting"). 34, 35 The first method is the most widely used, and is also the typical method employed for generating meshes of airway or vascular trees for computational fluid dynamics (CFD) analysis. Because biological structures are usually curvilinear, using linear elements results in the necessity for highly discretized meshes. In addition, linear elements suffer from discontinuous derivatives at element boundaries. In tissue mechanics problems where stress is a function of the derivative of mesh displacement, this discontinuity can cause solution errors. On the other hand, nonlinear elements can (but do not always) allow for derivative continuity at element boundaries. One example of a nonlinear interpolation (or basis) function that provides continuity of the derivative between elements is cubic Hermite interpolation. Along with as the lung, cubic Hermite meshes have been used to describe the geometry of the torso, 34 the patella, 36 and several other organs.
B. The Airways
CFD has relatively recently become a viable method for numerically studying patterns of flow, pressure, and resulting particle transport in the airways. Prior studies have suggested that an anatomically accurate geometry is essential for a thorough understanding of airway flow. 37, 38 Medical imaging (typically CT, computed tomography) is now used routinely to construct geometric models of the upper-to-central airway. Recognizing the importance of anatomical geometry in the prediction of airflow, several groups have constructed models based on in vivo volumetric imaging, 8, [39] [40] [41] [42] and 3D CFD is beginning to be used to understand intersubject variability in inhaled fluid transport, 43 and response to clinical interventions. 44 A limitation of 3D CFD is that it is usually restricted to analysis of relatively small portions of the airway (or vascular) tree. 3D CFD requires substantial computing resources; simulations cannot be performed rapidly, and they require substantial postprocessing. In contrast, 1D models give a less accurate prediction of pressure drop, and only provide local mean airflow, but models can be solved rapidly within a 1D geometry, and so this methodology allows inclusion of the entire airway tree. The 1D model is also more amenable to coupling with other functional models at higher or lower spatial scales, e.g., soft tissue mechanics 7 or cellular function. 45 1. Image-Based Airways in 1D-Two methods have been proposed for modeling the 3D spatial distribution of the airway tree. Kitaoka et al. 46 presented a method to generate a branching structure that was bounded by a curvilinear surface, where the length of the generated airways was proportional to branch diameter, the diameter in turn was proportional to flow, and flow was determined by the branch's location within the tree. The fundamental basis of the method is therefore Murray's law,
, that parent branch diameter d p raised to the power of x is the sum of each child branch diameter (d 1 and d 2 ) to the power of x, 47 where x is a constant that holds throughout the airway tree. Additional rules were required in the algorithm to give the branches direction (branching and rotation angles), and to ensure that airways remained within the bounding lung surface. The Kitaoka model demonstrated that basic hypotheses for lung structure and function (diameter proportionality and Murray's law) could be consistent with the complexity of the human airway tree. The authors found it challenging, however, to maintain exact consistency with Murray's law and at the same time satisfy the geometric constraint of the tree remaining within the lung-shaped volume. The Kitaoka model has been used in subsequent functional modeling studies. 48 However, because it is a generic model, it has not been used for studies that require subject-specific airway geometry.
Tawhai et al. 33, 49 proposed a different method that extended the 2D algorithms of Wang et al. 50 and Nelson and Manchester 51 to the 3D lung. In this method, the distribution of airways is generated on the basis of "supply and demand," and the airway diameters are added as a postprocessing step. For a set of volumetric images (from human or animal) attained at total lung capacity (TLC), a volumetric finite element mesh is first geometrically fitted to the lobes/lungs as outlined in the previous section. The volume mesh is then filled with a grid of uniformly spaced points, each point representing the location of a pulmonary acinus. The acinus grid is uniformly spaced under the assumption that the lung tissue is close to uniformly expanded at TLC. This is a reasonable approximation for the upright lung, where maximal expansion can be attained, but is much less likely in the supine lung (the usual imaged posture) due to shifting abdominal contents restricting the caudal displacement of the diaphragm. The assumption of uniformly expanded tissue at supine TLC therefore introduces error in the method. Whether this has a significant effect on the geometry of the generated tree is unclear. An initial 1D finite element mesh placed along the centerlines of the segmented airways acts as an initial condition for the algorithm. New branches are generated from the ends of the previous generation by directing a branch toward the center of mass of a subset of the acinus grid points, where points in any current subset are those that are closest to the parent branch. This continues recursively until each acinus grid point is supplied by a single terminal model airway. A 1D airway model generated for a single subject is illustrated in Fig. 1A .
The Tawhai method generates tree models that are subject specific with respect to the geometry of the largest (segmented) airways and the shape constraint on the tree of the subject's lungs and/or lobes. The algorithmically generated airways cannot exactly match the individual's airway tree, however, the averaged geometric characteristics of the model are consistent with measured human airway morphometry. 15, [52] [53] [54] The method has also been shown to be appropriate for generating the more asymmetric airway geometry of the ovine lung. 33 Because the anatomically structured model is generated within a volumetric finite element model for the lung, it inherently has connectivity to the model tissue, i.e., as the lung model deforms, the airways deform with it. This is an advantage for coupling airway and lung tissue function, as will be described in subsequent sections.
3D-1D
Image-Based Airway Models-To study airflow as it evolves over the full range of spatial scales in the lung, from the turbulent flows in the mouth or nasopharynx to the low-Reynolds number flows in the alveolar tissue, remains a considerable challenge. Lin et al. 42 presented a method for creating subject-specific airway mesh geometries that incorporate the desired level of 3D or 1D geometric detail wherever it is required in the airway tree, with seamless transition between the 3D and 1D scales. The method is summarized in Fig. 1 . In this approach, 1D models for the entire conducting airway tree 33 are converted to a cubic Hermite surface mesh with smooth and continuous surfaces at the bifurcations (Fig. 1B) , and this is combined with the geometrically fitted surfaces of a model for the uppermost (image-based) airways. Any portion of this model can be selected for 3D (tetrahedral or structured) meshing for its application in CFD analysis (Figs. 1C and 1D) . A convenience of the approach is that the lower order airways remain in the model (Fig. 1E) , providing a direct connectivity to the deforming lung tissue (by coupling to tissue mechanics, 10 or to deformation defined by image registration 55 ). This removes the need to prescribe assumed or artificial boundary conditions at the model periphery.
C. Pulmonary Vasculature
Constructing anatomically based functional models of the pulmonary vasculature that are representative of the important structural features of the pulmonary circulation while remaining computationally tractable is a considerable task. Each of the bronchial airways of the human lung is "accompanied" by an arterial vessel, but there are many more pulmonary arteries than there are branches in the bronchial airway tree, 56 and the same is true for the venous system. These additional blood vessels have been termed "supernumerary" vessels. The bifurcating system of accompanying and supernumerary vessels extends to the level of the pulmonary capillaries, transporting blood to the gas exchange surface. Within the pulmonary acini, which are generally defined to be the functional gas exchange units of the lung, small arteries, and veins are connected by capillary sheets that cover the alveoli arising at multiple levels throughout the structure. The extra-acinar and intra-acinar vessels therefore have distinct geometric structures that give rise to scale-specific function, i.e., the preacinar vessels of the human lung branch dichotomously (with the exception of the supernumerary vessels described below) and hence supply blood to the gas exchange units in a parallel arrangement, and the intra-acinar vascular structure results in combined series and parallel perfusion. Approaches to modeling the distinct geometry and characteristics of blood flow within these regions are considered here.
1. Arteries and Veins-The methods described previously for developing anatomically based models of the pulmonary airways are directly applicable to the development of models of the accompanying pulmonary arteries and veins. A departure from the branching geometry of the airways-and a further complexity to be considered in model development -is the presence of supernumerary vessels, which do not match a corresponding bronchial airway. While their function has been studied in isolated ex vivo studies, e.g., by Bunton et al., 57 their function in the intact lung is currently poorly understood and their functional significance is unknown. Since supernumerary vessels are not visible on angiograms, it has been suggested that they are not perfused under normal conditions, 56 but the functional role of these vessels may become important during perturbations in the circulatory demand or supply. The only mathematical model to date that has explicitly included a description of supernumerary vessels is that of Burrowes et al. 5 However, in this model, all supernumeraries were assumed to be either fully perfused or not perfused at all. Other models either exclude supernumerary vessels completely (e.g., symmetric dichotomous trees) or have included them implicitly (in the same way as conventional vessels) as defined from morphometric measurements.
Burrowes et al. 5 constructed geometric models of the pulmonary arterial and venous treesincluding supernumerary vessels-by segmenting the largest arteries and veins from MDCT data and using the volume-filling algorithm, described previously, to construct accompanying blood vessels to the level of the terminal bronchioles (all extra-acinar blood vessels). Supernumerary vessels were constructed in a postprocessing step via an algorithm designed to mimic the (relatively limited) known geometric characteristics of supernumerary vessels. That is, assuming that supernumerary vessels emerge at a branching angle close to 90 deg from the accompanying branch, and bifurcate rapidly to supply the closest parenchymal tissue. As with the pulmonary airways, blood vessels were represented by 1D finite elements distributed in 3D space within the lung volume. Fig. 2 illustrates the steps in this process.
2. Intra-Acinar Arterioles, Venules, and Capillaries (the "Ladder" Model)-To maintain computational tractability in models of the whole lung that explicitly describe each extra-acinar blood vessel, a lumped-parameter (or averaged) description of the acinus is necessary. However, to first understand intra-acinar function, it is necessary for models to "zoom in" on the complex structure of the acinus and to model aspects of this structureand pulmonary function within it-explicitly. The airways and air spaces in the acinus branch in an irregular dichotomy with an average of nine generations (range 6-12). 58 There have been several modeling attempts to capture this structure, both using an abstract "fractal" approach 59 and via anatomically based representations of the acinus that statistically match morphometric measurements. 60, 61 However, models of perfusion within the pulmonary acinus have not followed the development of the airway models.
Intra-acinar arterioles and venules are high-resistance vessels that branch along and between the alveolated airways, and have numerous small (precapillary) vessels arising from their walls. These vessels lead to the capillary units that cover the alveolar septae. 62, 63 Capillaries, on the other hand, have no apparent regular branching structure in the lung, and are so dense that they are often considered to form a "sheet." 64 Despite this complex acinar structure, models of perfusion and gas exchange that include acinar blood vessels have typically represented the whole acinus as a single continuous capillary bed in terms of branching structure and governing physical equations. 19, 65, 66 In these models, arteries and veins are coupled only at their most distal location by a single microcirculatory unit, effectively assuming that perfusion is equal everywhere within an acinus.
Recently, Clark et al. 67 developed a geometric description of the acinar blood vessels that distinguishes between small noncapillary (arterioles and venules) and capillary vessels. Arterioles and venules are represented as distinct elastic vessels following the branching structure of the acinar airways. These vessels are assumed to be joined at each generation by capillary sheets that cover the alveoli present at that generation, forming a ladderlike structure, as shown in Fig. 3 . Because the model accounted for both serial and parallel perfusion pathways, it was able to reproduce the decrease in blood flow rates in the distal part of the acinus compared with the proximal part that had previously been observed in animal studies. 68, 69 This is something that was not possible using previous models of the pulmonary circulation. When the ladderlike model was connected to a symmetric extraacinar vascular structure, a decreased pulmonary vascular resistance (PVR) was observed when compared with a model in which each acinus was represented by only a single continuous capillary sheet (parallel perfusion alone).
The ladderlike acinus model still includes a geometrical simplification of the capillary bed, namely, Fung's sheet flow description. 64, 67 This approximates the dense pulmonary capillary bed as a sheet of fluid flowing around posts of connective tissue, and bounded by the compliant capillary wall. This model provides a computationally efficient prediction of average blood flow and cellular transit times through an alveolar septum. To model perfusion in the capillary bed at an even finer spatial scale, Burrowes et al. 70 explicitly described the capillaries that extend over an alveolar sac (19 adjoined alveoli) as tubules. This model was based on previous studies that covered smaller portions of the capillary network, 71, 72 and was able to describe perfusion heterogeneity in the smallest pulmonary vessels as it related to the geometric constraints of the alveolo-capillary structure and the spacing of the supplying arterioles and draining venules.
III. COMPUTATIONAL MODELS OF PULMONARY STRUCTURE AND FUNCTION THAT SPAN MULTIPLE SPATIAL SCALES
This section considers two examples of the development of multiscale models for studying airway and vascular function. The aim is to demonstrate models that span from cellular to whole-organ function, and explain the new insights that such models can provide. But before the multiscale models are introduced, we review some recent efforts in modeling the mechanics of the intact lung. This is considered first because the lung's tissue deformation is an "organ-level" event that has consequence for both of the modeling examples that will be presented.
A. Soft Tissue Mechanics of the Intact Lung
Early conceptual and computational models of lung deformation mechanics were developed to demonstrate that ventilation distributes nonuniformly in the lung, 73 and that the lung deforms under its own weight. 32 Models such as these, and the experimental studies that led to and followed their development, established the fundamental principles of respiratory biomechanics. Further finite element studies followed, for example, directed at understanding the effect of heart weight on lung tissue deformation. 30 The finite element model geometries were idealized, for example, employing axisymmetry to reduce the model complexity, 32 and usually used linear elastic moduli (constant, or pressure dependent 30, 32 ), or occasionally a relatively simple nonlinear strain energy density function. 10 These simplifications have been necessary because modeling of lung tissue deformation is confounded by two main challenges, namely, access to sufficient computing power, and an accurate constitutive law to relate stress and strain in the lung tissue. The first challenge has been overcome, but the second remains. Linear elastic moduli for the lung tissue can be attained through indentation testing, [74] [75] [76] and nonlinear moduli through fitting to data from stretching of excised tissue strips. Each approach has limitations, i.e., for a constant rate and volume of breathing (i.e., when viscoelastic effects can be neglected), the lung tissue behaves as nonlinearly pseudo elastic, hence the linear moduli only provide an approximation at discrete inflation pressures, and tissue strip specimens distort the in vivo alveolar geometry and do not include the normal surface forces that are so important for determining the integrated elasticity of the lung. That the lung tissue is in fact viscoelastic becomes important when considering expansion and recoil of the lung at different rates and/ or volumes. This is particularly important to enable bridging between continuum models and models for oscillation mechanics, where tissue viscoelasticity is an essential property of the oscillating system. 77 Despite the lack of a precise definition for the stress-strain relationship of the lung tissue, finite element models of the lung have recently shown potential for predicting lung motion for radiation therapy planning. [27] [28] [29] 78 Lung motion confounds the localization of radiation to the lung tumor in that otherwise healthy tissue is also irradiated, causing acute and chronic changes in the tissue structure that adversely affects gas exchange function. The goal of these modeling studies is to develop a clinically applicable tool that can predict subject-specific breathing motion and regional tissue displacement during therapy in order to improve treatment planning and efficacy. Because the treatment is given in a single posture (supine), it is a sufficient approximation to use 4D-CT ("four-dimensional" computed tomography) to capture tissue motion over one or several breaths. Some studies use image registration between adjacent time points in the breathing cycle to estimate localized linear elastic moduli to represent the relationship between stress and strain in the tissue, others treat the lung tissue as isotropic and homogeneous, and use a nonlinear strain energy density function rather than fitted distributed values. The latter method has been demonstrated to give reasonable predictions of tissue and tumor displacement, which is surprising considering that patients with lung cancer are typically smokers with significantly nonnormal tissue elasticity, and hence are likely to have greater heterogeneity of tissue elastic properties and tissue expansion than normals.
The assumption that the lung parenchyma is homogeneous and isotropic is more appropriate for the healthy lung, but even in this case it is a gross approximation. Again, surprisingly, this simple approach has been shown sufficient to predict tissue deformation due to gravity and the weight of the lung in the supine posture in multiple subjects. Tawhai et al. 10 use finite deformation elasticity theory to predict tissue displacement, with strain energy density, (1) due to Fung, 79 where J 1 and J 2 are the first and second invariants of the Green strain tensor E. This relatively simple strain energy density function, when parameterized to the average expansion pressures considered typical at resting and maximal volumes for the human lung, predicts elastic behavior that is consistent with pressure-dependent bulk and shear moduli measured experimentally, 76 as shown in Fig. 4 . The model is first expanded from a reference volume (at half of FRC, functional residual capacity) to FRC in the absence of gravity. Gravity is added in a second step, using frictionless contact constraints to maintain contact between the lung surface and a bounding "pleural" surface that remains rigid. The lung is free to slide against the pleural surface. This study considered two very different subjects, namely, a young healthy male with a relatively large lung, and a female with small airways disease who had a relatively small lung. The same coefficients for Eq. (1) were assumed for both subjects, and the model predicted distributions of tissue density that compared well with tissue density calculated directly from supine CT imaging of each subject. Results from this study are illustrated in Figs. 5 and 6, with Figs. 5A and 5B showing subject-specific predictions of tissue density distribution (mean ± SD) compared with CT measurement, and Fig. 6 illustrating the prediction of a smaller pleural pressure gradient in the prone model than in the supine model. Since this study, the analysis has been repeated on ~30 subjects, and for the majority of subjects, the model prediction provides a good match to the subject's CT measurement (unpublished findings).
A model deformation can be used to interact with embedded models of the airways or vessels. Interaction occurs via displacement and axial stretch of the embedded structures, and through the local tissue tethering pressure that acts on the airway or vessel wall. The tethering pressure for a vessel or airway that is being passively deformed (without vaso-or bronchoconstriction) can be approximated as the local elastic recoil pressure of the tissue. This interaction is considered in both of the following multiscale model examples.
B. Airway Bronchoconstriction
Airway bronchoconstriction is an area in which multiscale phenomena are thought to be important, 80 because there are many hypothesized biophysical mechanisms that span multiple spatial scales. Studying the relative importance and interactions between these phenomena is very difficult, if not impossible, by considering each scale only in isolation. Hence, the development of multiscale models is an important area of research. There are a number of models fitting this description to various degrees in the literature, such as the terminal airway unit model of Anafi and Wilson 81 and its well-known Mandelbrot-tree implementation by Venegas et al., 21 the airway constriction model of Affonce and Lutchen, 82 and the airway constriction and agonist binding model of Amin et al. 83 Here, we review the multiscale model of bronchoconstriction developed by Politi et al., 84 since this model has been developed within the anatomically structured and biophysically based modeling framework that is the theme of this review.
Politi et al. present a multiscale, spatially distributed model of bronchoconstriction associated with asthmatic airway hyperresponsiveness, which couples models at four spatial scales. The scales considered are the molecular, wherein applied agonist triggers elevated intracellular calcium concentrations; the cellular, which incorporates sliding filament theory 85 to account for airway smooth muscle (ASM) contraction dynamics, 86 as induced by agonist and calcium; the tissue scale, which incorporates both airway wall mechanics and increases in parenchymal tethering due to airway constriction; and finally the organ level, where a continuum mechanics approach accounts for mechanical deformations due to breathing and gravity.
At the largest spatial scale, the organ level, the lung parenchyma is modeled as an initially isotropic 3D hyperelastic continuum using the approach of Tawhai et al. 10 and Fung's material law, 79 as previously described. The computational domain may either be a patientspecific geometry acquired from CT imaging, or to make the model amenable to more mathematical analysis than is possible in the complex full tree, it can simply be a spatially restricted block of lung tissue representing a small portion of the lung. Gravity and breathing patterns are specified, and the resulting mechanical deformations and material states are found computationally by a finite element solution.
Embedded within this parenchymal continuum is the conducting airway tree, asymmetrically bifurcating and classified by Horsfield order. 16 Each conducting airway is modeled as a right cylinder described only by its radius, and thus fundamentally 1D. This plane strain model incorporates three airway layers, i.e., an outer "local" parenchymal layer, connected with the global organ-level parenchyma and with material properties determined by that as described later; an airway smooth muscle layer; and an airway wall layer.
The local parenchymal layer is a linearization of the global parenchyma that accounts for an increase in tethering pressure due to airway constriction. The airway smooth muscle layer is incompressible, with ASM force determined by the smaller-scale models (details to follow). The pressure-radius relationship of the airway wall itself is described by the empirical relationship of Lambert et al. 20 Activation and force generation of the ASM is modeled by a Huxley-Hai-Murphy-style sliding filament model 85, 87 specifically modified to the unique properties of airway smooth muscle. 86 Changes in muscle length are represented by the relative movement of actin and myosin filaments, and force generation occurs via the cross-bridge cycle, wherein actin heads bind and unbind from binding sites on the myosin filament. There are four possible states in the model: unbound, unphosphorylated; unbound, phosphorylated; bound, phosphorylated; and bound, unphosphorylated. Only phosphorylated myosin can bind. Force exerted by the ASM is determined by the number and position of bound sites. The rates of binding and unbinding are determined by agonist and calcium concentrations, which in turn are determined by molecular-scale modeling. At this smallest scale, dynamics of intracellular calcium determine the intracellular calcium concentration resulting from applied agonist.
Thus, an applied agonist triggers increased calcium, which in turn drives actin-myosin binding and thus ASM force generation. ASM force is opposed by parenchymal tethering and airway wall mechanics, and these forces must be balanced in order to determine the airway radius. This process is repeated for each airway at each time step. The multiscale interactions between all scales are summarized schematically in Fig. 7 .
One complication is that the airway pressure-radius relationship can, in certain situations, be multivalued. 20, 82 That is, for a given value of muscle-generated force, it is in principle possible to have two (or more) different radii for which all forces are in balance. In a static model, "jumps" (that is, instantaneous transitions) between these solutions are possible. However, in this dynamic model, transition between states is modulated by ASM dynamics; infinite smooth muscle velocities, and thus jumps, are not possible. The result is slow and smooth transition in agreement with the experimental data. 88 The slow and smooth transition also contributes to solution stability.
One important result from this model is that even within a spatially restricted tissue unit (10 × 10 × 20 mm, 90 conducting airways), there is emergent spatial heterogeneity. For example, see Fig. 8 showing the spatial distributions of both tissue pressure (left panel) and airway radius (right panel) at the conclusion of a simulated agonist challenge.
While there are potentially important physiological features not yet included in the model (e.g., airflow pressures within the conducting airways themselves, passive ASM mechanical properties, surface tension and surfactant, etc.), the most intriguing possibility with this and similar models is the ability to examine the interactions between and relative influence of phenomena at multiple scales.
C. Pulmonary Circulation
Blood flows through successively smaller vessels in its passage through the pulmonary circuit. Travel begins through the pulmonary trunk, with a diameter of ~3 cm. Eventually blood is transported through the smallest (capillary) vessels, which range between approximately 1 and 15 μm in diameter (~8 μm on average). 15 In the larger vessels, blood can readily be assumed to flow as a Newtonian fluid. However, at the microcirculatory level, particles suspended in blood-particularly red and white blood cells-strongly influence the apparent viscosity of blood and therefore the blood flow in each segment. At this level, the blood is no longer classed as a Newtonian fluid, and different flow models must be applied across the scale of vessels, thus introducing a multiscale nature to the problem of fluid mechanics within the pulmonary circuit. All of the vessels are embedded within the parenchymal tissue, introducing the "organ-scale" and a multiphysics problem.
Perfusion can be modeled in the 1D system described in Section II.C.1 by solving 1D Navier-Stokes, continuity, and vessel elasticity equations (as in Ref. 6 ), or if a steady state distribution is sufficient to give insight into the system function, by solving the HagenPoiseuille, continuity, and vessel elasticity equations. 7, 89 An important addition to this system of equations is a term that accounts for the weight of the blood, as a function of gravity, in the elastic vessels.
For a model of the pulmonary arteries, considered in isolation from a capillary bed and venous tree, boundary conditions must be specified at the pulmonary trunk (the "inlet"), at each artery "outlet," and on each artery wall. The boundary condition at the inlet is a pressure or flow that is consistent with physiological values; the boundary condition on the arterial walls is the pressure exerted on the arteries by the surrounding tissue. The tissue pressure can be represented most simply by assuming that this is of equal value to the pleural pressure at the same isogravitational height. The boundary condition at the outlets must be assumed, and this is a significant limitation of any model that only considers flow in the arterial network.
In the earliest studies that simulated blood flow through anatomically based models of the entire accompanying arterial tree, [4] [5] [6] [7] 89 these boundary conditions were necessary due to the computational difficulty in connecting each terminal artery and vein with an appropriately simplified representation of an acinar unit, which has a structure that is at least as complex as that of the extra-acinar blood vessels. These isolated artery models allowed investigation into the relative influence of gravity and structure on the distribution of pulmonary perfusion -a question that is hotly debated in the literature. [90] [91] [92] The model studies suggested that there is an underlying pattern of blood flow that can be attributed to the branching geometry of the vascular trees, and that the branching asymmetry contributes substantially to isogravitational heterogeneity of tissue perfusion. Both of these conclusions had previously been suggested on the basis of experimental studies, 17, 23 and the model provided additional evidence to support this. An example of the translation of this type of biophysically based and anatomically structured model from one study to another without the need to "redesign" was the same model's application in an interspecies comparison of perfusion distribution. 89 Understanding interspecies differences (particularly between humans and typical experimental species) is important for appropriately interpreting animal studies in the context of human physiology. The Burrowes et al. study 89 demonstrated that the greater geometric asymmetry in the ovine arterial tree with respect to human is sufficient to cause significant differences in the regional distribution of blood flow, particularly in the gradient of blood flow in the gravitational axis.
These previous studies prescribed the boundary condition on the artery wall by assuming a linearly increasing pleural pressure as a function of the gravitational height within the lung. This does not take into account any variability of tethering pressures within an isogravitational plane, nor any shape change associated with tissue deformation due to gravity and breathing. Most recently, predictions of tissue deformation and elastic recoil pressure determined from the soft tissue mechanics model described in Section II.A.2 were used to define blood vessel dimensions in the perfusion model. 7 This allowed more accurate comparison between postures and volumes than was previously possible. All of these previously described models suffered from the assumption of pressure boundary conditions at the terminal blood vessels. Pressures at this level of the pulmonary circulation are not readily measurable, and certainly not in the vast number that would be required for accurately prescribing boundary conditions in the distributed model. What is much more readily available are blood pressure and flow rates at the level of the heart (pulmonary artery and left atrium). Therefore, the next logical progression for the anatomically based models of the pulmonary vasculature described above is to connect the terminal arteries and veins with representations of the vasculature of the pulmonary acinus.
A model of the full pulmonary circulation (arteries, arterioles, capillaries, venules, veins) is made possible by the construction of appropriate models at each spatial scale, which can be combined to describe whole-organ perfusion. 93 First, the 1D, spatially distributed model of extra-acinar blood vessels described in Section II.C.1 provides a realistic picture of perfusion heterogeneity in the lung due to its asymmetric branching structure and variable path lengths. Second, a symmetrically branching structure representing intra-acinar arterioles and venules connected at each level by capillary beds provides the stratified perfusion distribution in the acinus, which enables PVR to be low enough for the lungs to carry the whole cardiac output. 67 This structure is simplified in that it does not represent the asymmetry in arteriole and venule branching structure, but it allows a full-lung model to be solved numerically within a reasonable time. Third, a lumped-parameter model of capillary perfusion 64 is coupled with the explicit representations of larger vessels. This provides predictions of blood flow and red blood cell transit times on the level of 10 to 15 alveoli without the need to describe each and every capillary blood vessel. Finally, with the lung considered as a whole and its tissue approximated as a continuum, the soft tissue mechanics model described in Section II.A.2 provides a reasonable estimate of the deformation of blood vessels under gravity at different lung inflations.
Together, this coupled model spanning the scales of the whole-lung, individual vessels, acinar, and capillary units provides a valuable tool for studying the mechanisms that contribute to the regional distribution of perfusion. The model can demonstrate that each structural and gravitational feature of the pulmonary circulation makes a distinct contribution to the distribution of blood, i.e., postural differences in perfusion gradients can be explained by the combined effect of tissue deformation and extra-acinar blood vessel resistance to flow in the dependent tissue, hydrostatic effects play an important role in establishing an underlying gravitational perfusion gradient in the absence of tissue deformation, and coupling of large-and small-scale models reveals significant variation in microcirculatory driving pressures within isogravitational planes due to extra-acinar vessel resistance and amplification by the complex balance of pressures, distension, and flow at the microcirculatory level.
IV. CONCLUSIONS
Two examples of multiscale models that have been developed within the framework of the Physiome and VPH projects were reviewed here, and the advantages of considering function that emerges through the interaction of events at different spatial scales were considered. The principal challenges that remain for such modeling studies are to obtain experimental data that allows validation of each model component, and secondly to determine how these complex models can be reduced to a form that allows study of their behavior using established mathematical methods. The first of these issues is something of which most modelers are painfully aware. The second issue will become more important as we increasingly rely on numerical solutions to models, which are growing in complexity. Generation of an anatomically based model for the extra-acinar vessels of the pulmonary circulation: (A) rendered isosurfaces of vessels segmented from multidetector row computed tomography (MDCT) data from the Human Lung Atlas; (B) MDCT-derived arterial (red) and venous (blue) vessels; (C) includes vessels generated into the lobar volume using the volume-filling branch (VFB) algorithm; (D) close-in view of supernumerary vessels (red) with accompanying vessels (gray) (from Burrowes et al., 5 Journal of Applied Physiology, 2005, American Physiological Society, used with permission). The ladderlike acinar structure modeled by Clark et al. 67 ; arterioles (blue) and venules (red) were modeled as distinct elastic vessels with capillary sheets (purple with arrows in the direction of blood flow) connecting them at each acinar airway generation (from Clark et al., 67 Journal of Applied Physiology, 2010, American Physiological Society, used with permission). Stress-strain behavior of the strain energy density function employed by Tawhai et al. 10 to predict lung tissue displacement due to gravity: (A) pressure-volume relationship; (B and C) effective bulk and shear moduli, respectively, calculated from the continuum model at increasing inflation pressures (from Tawhai et al., 10 Journal of Applied Physiology, 2009, American Physiological Society, used with permission). Tissue density distribution predicted in the supine posture using a continuum model for finite deformation elasticity. Results illustrate mean tissue density calculated within 10 mm wide slices of lung or model, with the slices oriented perpendicular to the direction of gravity (gravity and y-axis are oriented posterior-anterior). The error bars shown ± SD for the density in each slice. Model results (black) are compared with tissue density calculated from CT imaging (gray) in two disparate subjects: (A) healthy male; (B) female with small airways disease (from Tawhai et al., 10 Journal of Applied Physiology, 2009, American Physiological Society, used with permission). A schematic representation of ASM force generation; ASM force is opposed by parenchymal tethering and airway wall mechanics, and these forces must be balanced in order to determine the airway radius; this process is repeated for each airway at each time step.
FIGURE 8.
Emergent spatial heterogeneity in the distributions of pressure (left panel) and airway radius (right panel) at the conclusion of a simulated agonist challenge (results are reproduced from Politi et al. 84 with permission from Elsevier).
